Abstract-The purpose of this study was to test the feasibility of using a switched-capacitor discharge stimulation (SCDS) system for electrical stimulation, and, subsequently, determine the overall energy saved compared to a conventional stimulator. We have constructed a computational model by pairing an image-based volume conductor model of the cat head with cable models of corticospinal tract (CST) axons and quantified the theoretical stimulation efficiency of rectangular and decaying exponential waveforms, produced by conventional and SCDS systems, respectively. Subsequently, the model predictions were tested in vivo by activating axons in the posterior internal capsule and recording evoked electromyography (EMG) in the contralateral upper arm muscles. Compared to rectangular waveforms, decaying exponential waveforms with time constants >500 µs were predicted to require 2%-4% less stimulus energy to activate directly models of CST axons and 0.4%-2% less stimulus energy to evoke EMG activity in vivo. Using the calculated wireless input energy of the stimulation system and the measured stimulus energies required to evoke EMG activity, we predict that an SCDS implantable pulse generator (IPG) will require 40% less input energy than a conventional IPG to activate target neural elements. A wireless SCDS IPG that is more energy efficient than a conventional IPG will reduce the size of an implant, require that less wireless energy be transmitted through the skin, and extend the lifetime of the battery in the external power transmitter.
I. INTRODUCTION
N EUROMODULATION with electrical stimulation is a treatment option for certain neurological diseases and disorders, such as chronic pain, and is used to restore sensory function lost from injury or disease [1] - [3] . One notable example is deep brain stimulation (DBS), which is effective in treating symptoms of movement disorders, such as Parkinson's disease, essential tremor, and dystonia [4] - [6] . The implantable pulse generators (IPGs) used to deliver stimulation are becoming more complex with increasing numbers of channels and functions, including neural recording and closed-loop control [7] , [8] , which require more energy [9] . This demand for more energy is at odds with making devices smaller and increasing device lifetimes.
Conventional IPGs that use primary cell batteries are limited by large volumes, heavy weights, and limited lifetimes. Because of their size and weight, IPGs used for DBS are implanted in the chest, as opposed to being placed in the skull [10] . This can be problematic as subcutaneous interconnects from the IPG to the electrodes fail due to head motion [11] , increasing the number of adverse events. In addition, because the primary cell has a lifetime of approximately 2-5 years [12] , recipients must incur repeatedly the risks and cost of IPG replacement surgeries [13] . Rechargeable batteries offer an alternative to primary cells. Medtronic's IPGs, the Activa RC neurostimulator for example, have a rechargeable battery that lasts for up to 9 years of operation and have recharge intervals of 2.6-42.7 days, depending on stimulation settings [14] . However, rechargeable IPGs are still implanted in the chest due to the battery size, and frequent recharging is burdensome to some patients [14] - [17] .
Wireless powering via an inductive transcutaneous link has the potential to enable smaller and longer-lived IPGs. A wirelessly-powered IPG implanted in the temporal bone, similar to a cochlear implant [18] , could circumvent the size and longevity constraints of the conventional battery-powered IPG for DBS. However, the power transferred through an inductive link is typically limited due to the small size of the implantable secondary receiver coil [19] , and very efficient power management techniques are required to provide sufficient power to the IPG, while reducing the risk of tissue damage from heating [20] . It should be noted that a far-field power transfer, such as electromagnetic radiative transmission as opposed to the near-fiend inductive link, can be optimized in the GHz range considering a small receiving antenna, while prohibited due to large power absorption by body tissues [9] .
A wireless switched-capacitor discharge stimulation (SCDS) system can efficiently generate decaying exponential stimuli by coordinating the discharge of storage capacitors into the neural tissue [21] . Decaying exponential waveforms, although not optimally energy efficient for activating neural elements such as neurons and axons, are at least as efficient as rectangular waveforms generated by conventional IPGs [22] - [25] . Because the SCDS system may be more energy efficient than conventional systems at delivering charge to the tissue [26] , and because the use of decaying exponential waveforms does not increase energy requirements compared to rectangular waveforms, we predicted that the overall energy required to stimulate neural elements with an SCDS IPG would be less than required with a conventional IPG.
The goal of this work was to test the feasibility of using an SCDS system for electrical stimulation. The SCDS system architecture used in this work was detailed in [26] , in which we presented preliminary computational analyses in a simplified computational model and the results of a pilot in vivo experiment. The present work builds upon the previous study by incorporating a significantly more detailed and anatomically accurate model of electrical stimulation, testing the theoretical predictions in a series of in vivo experiments, and then using these measurements to compare the performance of the SCDS system to a conventional stimulator. The results indicate that the manner in which the SCDS system delivers charge does not increase the energy requirements for neural activation compared to a conventional system, thus the improvements in energy efficiency for the SCDS system are preserved, resulting in a more energy-efficient system for neuromodulation.
II. METHOD

A. Switched-Capacitor Discharge Stimulation Mechanism
Conventional stimulation systems require a rectifier and voltage regulator to convert wireless power to a supply voltage and use voltage-controlled stimulation (VCS) to generate rectangular waveforms (see Fig. 1(a) ). In contrast, the SCDS system uses a bank of negative (C N ) and positive (C P ) capacitors, first, to store the energy being delivered via induction across the skin from the external battery, and, second, to transfer only the amount of charge required for activation of neural elements (see Fig. 1(b) ). The charge stored in the capacitors (Q = C × V ) is delivered to the load through lowresistance switches that minimize power loss. Thus, the output from the SCDS system is a decaying exponential voltage/current The proposed wireless system with switched-capacitor discharge stimulation (SCDS). The SCDS system efficiently charges a storage capacitor bank, C N and C P , directly from the inductive link and transfers charge from the capacitors to tissue, generating decaying exponential stimuli. Table I summarizes the specifications of the wireless SCDS system [26] .
stimulus (V S T I M and I S T I M ).
B. Model of Electrical Conduction in the Cat Head
1) Image Processing:
A bioelectric field model was constructed from a 3 Tesla, T1-weighted (T1w) magnetic resonance (MR) image of the cat head [27] and solved using the finite element method (FEM). We used the image-processing software Seg3D [28] to segment the T1w MR image into three regions representing the brain, the portion of the skull surrounding the brain, and a lumped soft-tissue region (see Fig. 2 ). We began by creating a binary mask of the whole head. The raw image was processed with a median filter (radius = 3), and a mask was created by thresholding the filtered image between intensities of Fig. 2 . A magnetic resonance image of the cat head segmented into three regions. (a) A T1-weighted (T1w) magnetic resonance (MR) image was used to construct three volumes: a brain (yellow), a skull that surrounds the brain (red), and a region of lumped soft tissues (blue). Binary masks of the segmented volumes were overlaid on the T1w MR image and viewed in (b) coronal, (c) sagittal and (d) axial planes. The positive x axis points to the right of the head; the positive y direction in the superior direction (i.e., toward the top of the head); and, the positive z direction in the anterior direction (i.e., toward the mouth).
30 and 765. The holes at the nasal cavity, esophagus, and trachea were filled using the flood-fill algorithm in Seg3D. Next, we segmented the brain region using Ostu's method to divide the raw image into two regions and the background [29] . Because the mask that contained the brain also contained portions of the skull and other tissue regions, we first used a rectangular prism that circumscribed the brain to exclude coarsely non-brain regions, and the surface of the brain was determined iteratively.
(1) The intended brain mask was dilated and eroded by a factor of 1 and 2k, where k is the repeat number (see below); (2) the mask from step 1 was dilated by a factor of 4; and (3) the flood-fill algorithm was used to fill any holes in the mask from step 2. Steps 1-3 were repeated five times. The mask of the skull was constructed by dilating the brain mask by a factor of 3, and the mask of the lumped soft-tissue region was constructed by subtracting the masks of the brain and skull from the mask of the whole head.
2) Bioelectric Field Model: The three binary masks were used to construct a volume-conductor model of the cat head. First, tessellated triangular meshes that bounded the binary masks were constructed in Seg3D and processed in MeshLab (meshlab.sourceforge.net). We applied a sequence of filters to the surface meshes: (i) Quadratic Edge Collapse Decimation was used to reduce the number of faces by 50%; (ii) Laplacian smoothing with surface preservation was used to smooth the decimated mesh; (iii) steps i and ii were repeated until the mesh consisted of 800-1000 faces; and, (iv) 4-8 Subdivision was used to convert the triangular mesh into a quadrilateral mesh.
Second, we used the quadrilateral surface meshes to construct volumes of the corresponding head regions. The non-uniform rational basis spline (NURB) toolbox in MATLAB (v2014b, MathWorks, Natick, MA) was used to convert the quadrilateral meshes to NURBs, and the NURBs, in turn, were used to define closed volumes in COMSOL Multiphysics v5.1 (COMSOL Inc., Burlington, MA).
Third, we constructed a model of an electrode array with a single cylindrical contact (see Fig. 3(a) ). The model electrode had a radius of 0.635 mm and a height of 1.5 mm. The shaft had a radius of 0.635 mm and was oriented so that its trajectory fell within the range of possible trajectories observed from postmortem coronal tissue slices [30] .
Fourth, we defined the electrical properties of the different head regions. All the tissues were purely resistive and had a homogeneous, isotropic conductivity (σ). The scalar σ of the brain and skull were 0.23 S/m [31] and 0.02 S/m [32] , respectively; and the conductivity of the lumped region of soft tissues was 0.33 S/m. We chose 0.33 S/m, which is the median conductivity of muscle between 1 kHz and 10 kHz [33] , because a majority of the soft-tissue volume is comprised of muscles and tendons. The in vivo experiments conducted in this study were acute, and for that reason, we ignored the presence of the encapsulation layer surrounding the electrode.
Fifth, we constructed a tetrahedral volume mesh in the model head and used the FEM to solve Laplace's equation.
The dura and arachnoid maters were modeled using a Robin boundary condition at the boundary between the skull and brain:
where h is the thickness of the boundary, and Φ 1 and Φ 2 are the potentials on either side of the boundary. h was 2.3 mm, and σ b = 0.03 S/m [34] . We approximated the temporal variation in the potentials throughout the tissue by defining an equivalent three-element Randles circuit of our computational model [35] , [36] , solving for the voltage drop across the tissue load (V out ) for a given applied waveform (V in ), and multiplying the static solution by V out :
The equivalent Randles circuit consisted of a parallel combination of a double-layer capacitance (C dl ) and Faradaic resistance (R f ), which represented the electrode-tissue interface (ETI), in series with an access resistance (R a ) that represented the tissue. The relationship between V in and V out satisfied the following ordinary differential equation:
where C dl was calculated by multiplying a specific doublelayer capacitance (c dl ) by the area of the electrode, and R f was calculated by dividing a specific Faradaic resistance (r f ) by the area of the electrode. We chose an r f of 150 kΩcm 2 and a c dl of 30 μF/cm 2 , which were determined by fitting solutions of (4) to measured waveforms from previous in vivo experiments [30] . An electrode area of 5.98 mm 2 yielded R f = 2.5 MΩ and C dl = 1.8 μF.
A fixed potential of 1 V (i.e., a Dirichlet boundary condition) was imposed on the active contact. The counter electrode in the in vivo experiments (Section 2.2) was a large-area stainless steel surgical retractor atop the head; therefore, no current was allowed to pass through the outer surface of the model cat head, except at the superior boundary of the head, which had a fixed potential of 0 V. The model was solved using ∼570,080 thirdorder elements (∼1.9 million degrees of freedom). Refinement of the mesh changed the interpolated potentials and subsequent stimulation thresholds by < 1% with respect to the same values prior to refinement.
3) Models of Corticospinal Tract (CST) Axons: The NEURON (v7.3) simulation environment [37] was used to implement cable models of myelinated axons in the CST. We started with a validated model of a mammalian motor axon [38] and revised its geometry to reflect better the morphology of axons found in the brain. A summary and justification of the geometry of the axon is found a prior work [36] .
The trajectory of the CST in the right hemisphere was defined by locating anatomical structures in the T1w MR image [27] and fitting a smoothing spline to a series of control points in the MR image. The following are the anatomical (x, y, z) coordinates that we selected from the MR image. We defined one point in the coronal sulcus of the right primary motor cortex, The boundaries of the CST were defined using a series of 20 circles along the smoothing spline. In the cat, the internal capsule spans 2-3 mm [39] , so all circles had a radius of 3 mm. The circles were oriented so that their corresponding normal vectors were collinear with the tangent vectors at the 20 locations along the smoothing spline. Sets of 100 random points were uniformly distributed in all 20 circles, and the points were connected so that the axons maintained their topographical organization across all circles (see Fig. 3(c) ).
C. Computational Analyses
The 300 CST axons were stimulated with rectangular and decaying-exponential waveforms (see Fig. 3(b) ). Rectangular waveforms had a short cathodic phase followed by a long anodic phase, similar in design to the waveforms used in implantable stimulators. We used three combinations of pulse widths (PWs): cathodic and anodic phases in these three pulses were 100 μs and 900 μs, 300 μs and 700 μs, or 500 μs and 500 μs, respectively. The PWs of the decaying-exponential waveforms were the same as those of the rectangular waveforms. The time constants (τ ) of the decaying-exponential waveform were 100 μs, 500 μs, or 1000 μs. These values encompassed the range of τ produced by the SCDS system with a storage capacitance of either 2 μF or 10 μF, a double layer capacitance (C dl ) between 0.4 μF and 2.4 μF, a Faradaic resistance (R f ) between 21 kΩ and 8.2 MΩ, and an access resistance (R a ) between 400 Ω and 2 kΩ (see Fig. 1(b) ) [30] . With these values, τ was between 134 μs and 3860 μs, while τ larger than 1000 μs led to negligible changes in decaying exponential waveforms considering the relatively short PWs (< 500 μs). Detailed equations can be found in the Appendix.
The interpolated potentials were used to stimulate model CST axons with a train of 30 pulses at 244 Hz. Because (1) is linear, the solution at any given amplitude was calculated by multiplying the solution at 1 V by a scalar, and a bisection algorithm (relative error tolerance < 1%) was used to quantify the stimulation threshold energies of three independently sampled populations of 100 CST axons. An axon was defined as active when at least one action potential reached both of its ends. The injected charge and peak amplitude were also quantified.
D. In Vivo Experiments
Acute experiments were conducted in four anesthetized adult male cats using a protocol approved by the Institutional Animal Care and Use Committee at Duke University. Anesthesia was induced with ketamine HCL (Ketaset 35 mg/kg IM, supplemented as required at 15 mg/kg during surgical preparation). During brain surgery, 1% isoflurane was administered using a vaporizer; and after the surgery, anesthesia was maintained with alpha-chloralose (65 mg/kg IV, supplemented at 15 mg/kg). A 1 cm craniotomy was made, and the dura was reflected, exposing the cortex. We implanted an electrode array in the right hemisphere with stereotactic neurosurgical technique and used a single electrode to deliver rectangular and decaying-exponential stimuli from the conventional and SCDS systems, respectively.
The electrode array was built by wrapping a planar polyimide substrate around a 1.28 mm steel shaft. Electrodes were formed by sputter depositing a chrome adhesion layer followed by a gold metal layer onto the polyimide substrate. The electrode used in this study had a height of 1.5 mm, but a 0.1 mm arc on the substrate was left bare for binding the substrate. Therefore, the active electrode had a surface area of 1.5 mm × 1.27 mm, which was equal to the area of the active electrode in the model. For further details, see "the standard electrode" used in [30] .
The VCS system was a hardwired analog isolated stimulator (ASI Model 2220, A-M Systems, Carlsborg, WA). Rectangular waveforms were asymmetric biphasic pulses with a 272 μs cathodic phase followed by a 728 μs anodic phase, and a total of 30 pulses were delivered at 244 Hz. The stimulus pulses were controlled with a high-speed digital-to-analog converter using the DAQ toolbox in MATLAB.
The SCDS system received wireless power and data through an inductive link. Stimulation trains from the SCDS system consisted of 30 asymmetric biphasic pulses with a 272 μs decaying exponential cathodic phase followed by a 900 μs anodic phase. The second phase with the SCDS system was 172 μs longer than that of the VCS system because the former used a stimulus current limiter to regulate the peak amplitude of the anodic phase stimulus while ensuring charge-balanced stimulation. Storage capacitor banks, which had combined capacitance of 2 μF or 10 μF, were charged to ±1 V; and pulse trains were delivered at 244 Hz. Charged to the same voltage level, both capacitances resulted in peak stimulation voltage of −1 V. The smaller 2 μF capacitance had a smaller decaying time constant (τ = 504 μs) than the larger 10 μF capacitance (τ = 945 μs). While the SCDS system generates decaying exponential voltage and current waveforms, the impedance range of the ETI is required to estimate the shape of the stimulus, including the peak current amplitude and the time constant [26] .
Stimuli were delivered to the posterior limb of the internal capsule (IC; 7 mm anterior, 10.5 mm lateral, and 10 mm above the interaural line [39] , [40] ), which contains corticospinal and corticobulbar axons projecting from the motor cortex to the spinal cord [41] . Charge passed through the stimulation electrode (see Fig. 4 ) and to a stainless-steel retractor with one end placed below the dura mater and adjacent to the surface of the left cortex. Stimulus currents were measured from voltage drops across a 25 Ω resistor in series with the active electrode, which was low-pass filtered with a cutoff at 100 kHz. Activation of axons in the posterior IC was assessed by recording electromyographic (EMG) activity evoked in the contralateral extensor digitorum (communis and lateral) muscles. The EMG was the differential voltage measured between two 29-gauge multi-strand stainless steel wires (Cooner Wire, Chatsworth, CA) implanted in the arm muscles. The EMG was bandpass filtered from 3 Hz to 3 kHz and amplified by between 100 and 500 (SR560, Stanford Research, Sunnyvale, CA). Data were acquired using the MATLAB 2013b Data Acquisition (DAQ) toolbox (MathWorks, Natick, MA). The SCDS system was limited to peak amplitudes between ±0.4 V and ±1.5 V, inclusive, with a resolution of 0.1 V. Therefore, we tested twelve unique amplitudes, each of which was repeated five times, for a total of 60 pulse trains. The order of the pulse trains was randomized for each trial. At each stimulus amplitude, we calculated the integral of the rectified EMG (IRE), and the stimulus energy and injected charge were calculated from the measured transient stimulus voltage and current over time.
A smoothing spline fit to the experimental data was used to interpolate the peak voltage amplitude, stimulus energy, and injected charge required to produce a half maximal IRE. The stimulus energies required to evoke a half maximal IRE (E I RE ,50 ) in response to SCDS and VCS were analyzed with a repeated measures analysis of variance (ANOVA), which tested the null hypothesis that the mean E I RE ,50 for both cases were the same. All statistical tests were performed at α < 0.05. The stimulation threshold energies, E S T I M , of the SCDS (i.e., E I RE ,50 ) were normalized by dividing with those from the VCS experiments, log transformed to give equal weight to values above and below 1, and averaged (n = 4) to calculate the relative stimulation energy ratio of SCDS, f S T I M , compared to VCS:
E. Estimation of Overall Energy
We used measurements of system efficiencies from previous work [26] , [42] - [45] and the stimulus energies measured from the in vivo experiments to estimate the overall energy required with the wireless SCDS system (see Fig. 1(b) ) compared to a wireless VCS system (see Fig. 1(a) ). The overall energy savings of the SCDS system relative to the VCS system was quantified using the ratio:
where E I N ,S C D S and E I N ,V C S are the input energies of the SCDS and VCS systems, respectively. The efficiency of a system (η) is typically expressed as the ratio of the output to the input energy. Therefore, (6) can be rewritten as,
ESR S C D S = 1 − E S T I M , S C D S η S Y S , S C D S E S T I M , V C S η S Y S , V C S
where
E S T I M ,S C D S and E S T I M ,V C S are the output energies of the SCDS and VCS systems, respectively, and are the corresponding E I RE ,50 from the in vivo experiments; and η S Y S,S C D S and η S Y S,V C S
are the corresponding system efficiencies. Finally, substitution of (5) into (7) yields,
ESR S C D S = 1 − η S Y S,V C S η S Y S,S C D S f S T I M
For a fair comparison of system efficiencies, we assumed that both the SCDS and VCS systems operated at the same supply voltage of ±2.1 V. In the VCS system, the system efficiency was a product of energy efficiencies of a rectifier [42] , a regulator, and a voltage stimulator (see Fig. 1(a) ). Regulator input and output voltages were ±2.3 V and ±2.1 V, respectively; and ignoring internal power consumption, a lowdropout (LDO) regulator efficiency was derived by dividing the regulator output voltage by the input voltage. Assuming that the voltage stimulator used a buffer amplifier [43] , [44] the stimulator efficiency was estimated as the output power over the input power of the stimulator, which is equivalent to the stimulus amplitude over the supply voltage during the stimulation phase. Internal power consumption of the stimulator was ignored in the calculation. In the SCDS system, the system efficiency was a product of charging efficiency of storage capacitors [45] and discharge efficiency into the neural tissue [26] (see Fig. 1(b) ).
III. RESULTS
We used an image-based computational model of electrical stimulation in the cat brain to quantify the stimulation efficiency of rectangular and decaying exponential waveforms. The predictions of the model were tested in vivo, and we used the results from the in vivo experiments and prior studies to estimate the overall energy required with the wireless SCDS system compared to a conventional VCS system.
A. Computational Simulation of Stimulation Waveform Effects
For all PWs tested, the energy required to activate 50% of model CST axons differed by < 7% between the rectangular and decaying exponential pulses (see Fig. 5(a) ). As the PW increased, decaying exponential waveforms with τ of 500 μs and 1000 μs were more efficient than rectangular waveforms, but energy savings were relatively small (< 4%). Only the decaying exponential waveform with a τ of 100 μs was less efficient for all PWs except 500 μs.
The decaying exponential waveforms with the shortest τ required less injected charge than rectangular pulses and decaying exponentials with longer τ s (see Fig. 5(b) ). As PW increased, decaying exponential waveforms with shorter τ s required higher peak stimulus voltage (see Fig. 5(c) ) than rectangular pulses. The relative efficiencies were not sensitive to the choice of the proportion of the population of models axons that was activated. For example, the normalized stimulus energies for activation of 25%, 50%, 75%, and 100% of the CST axons had a standard deviation of < 0.7% across all cases tested (see Fig. 5(d) ).
B. Stimulation Efficiencies of SCDS and VCS Systems in Vivo
Evoking a half maximal IRE with the SCDS system required 10% larger voltage amplitudes than the VCS system (see Figs. 6(a) and 7), consistent with model predictions (see Fig. 5(c) ). The E I RE ,50 of the SCDS system with storage capacitances of 2 μF (τ = 504 μs) and 10 μF (τ = 945 μs) was less than that of the VCS system by 2% and 0.4%, respectively (see Figs. 6(b) and 7), based on (5), and these efficiencies were similar to model predictions (see Fig. 5(a) ). The statistical comparison between the SCDS and VCS systems verified that stimulation threshold energies and charges were not significantly different across the three stimulus waveforms.
C. Calculation of Overall Energy
The voltage applied to a VCS system has three stages where losses occur: the rectifier, the regulator, and the voltage stimulator (see Fig. 1(a) ). A properly-designed rectifier has an average efficiency of ∼80%, considering variations in input voltage amplitude, output load, and carrier frequency [42] , and a low-dropout regulator has an average efficiency of 77.8% ( = ±2.1 V / ±2.7 V) with the dropout voltage of 0.6 V to accommodate with input voltage and load variations. We estimated that the efficiency of the voltage stimulator using the buffer amplifier would be 43.3% ( = −0.91 V/−2.1 V) with an average cathodic stimulation amplitude of −0.91 V from experiments. We also estimated that the system efficiency of the VCS system was 27%. A dynamic supply voltage stimulator in [46] achieved a higher efficiency of 52-94% at the expense of coarse stimulation voltage/current controllability. Nonetheless, it still required a rectifier and a regulator to convert wireless ac power to dc input voltage, decreasing the overall system efficiency to 45.4%. A SCDS system, in contrast, has two stages where losses occur: the charging and discharging of the storage capacitors. The charging process has an efficiency of 62% [45] , the discharging process has an efficiency of 95%, most of which is due to losses in the switches [26] , for an average cathodic stimulation peak amplitude of −1.07 V from experiments. The product of these two efficiencies gives a system efficiency of 58.9% for the SCDS system.
The relative stimulation energy ratio, f S T I M , based on (5) across the four in vivo experiments was 0.98. Therefore, the SCDS system required 59.3% of the input energy of the VCS system, from input to output, which corresponds to an energy saving ratio of 40.7%, according to (8) . It is also possible that the true f S T I M is smaller than what was measured. In the worst case scenario, f S T I M would be 1, but the energy saving ratio of the SCDS system is still 39.5%, from the instrumentation alone.
One corollary of the above is that compared to a VCS system, an SCDS system can activate a larger volume of tissue for a given input energy (i.e., before losses). This is because for decaying exponential waveforms with τ ࣙ 500 μs, the stimulation threshold energy required to stimulate axons with an SCDS system is less than or equal to that of a VCS system, and energy losses in an SCDS system are less than that of a VCS system. For example, when stimulation threshold energy was matched between the SCDS and VCS systems, the model predicted that decaying exponential waveforms with τ = 500 μs activated 64%, 65%, and 67% of the CST axon population with 100 μs, 300 μs, and 500 μs pulses, respectively, leading to a 28-34% increase in axon activation over the VCS system (50% axon activation). Similar trends were observed in the experimental data when factoring in energy losses, leading to 60-80% higher IRE compared to the half maximal IRE generated by the VCS system at the same input energy.
IV. DISCUSSION
We combined computational modeling and in vivo experiments to compare the stimulation efficiency of an SCDS system to that of a VCS system. The modeling and in vivo results suggest that an SCDS system with decaying exponential waveforms can perform on par with a VCS system, with regard to stimulation of neural elements. Because the wireless SCDS system required less input energy than the VCS system to inject the same amount of charge for a given load, the SCDS system reduced overall energy requirements compared to a conventional VCS system.
A. The Energy Efficiency of Decaying Exponential Waveforms
The efficiency of a decaying exponential waveform compared to a rectangular waveform can be explained by considering the timing and amplitude of the stimulus voltage in relation to the dynamics of the voltage-gated ion channels in the neural membrane [23] . The threshold for evoking an action potential depends primarily on the excitability of the fast sodium channels, whose dynamic conductance in our axon model was proportional to a state inactivation variable, h, and the cube of a state activation variable, m. Depolarization of the membrane activates the m-gate (i.e., m increases) and inactivates the h-gate (i.e., h decreases), but inactivation is an order of magnitude slower than activation. Given the counteracting forces of theses gates and their different time courses, one can envision a time window when the membrane is the most excitable, thereby waveforms whose amplitudes are maximal earlier and progressively decrease as h inactivates are expected to be more energy-efficient than waveforms with constant amplitudes.
The dynamics described above depended on the duration of the waveform. For PWs < 300 μs, the process of activation (i.e., m increasing) dominated because there was little time for inactivation to occur. The decaying exponential waveform with τ = 100 μs decayed too rapidly and did not depolarize the membrane as efficiently as the near constant decaying exponential waveforms or constant rectangular waveforms. However, as PW increased above 300 μs, the amount of inactivation was no longer negligible, and it became advantageous to decrease progressively the amplitude of the applied waveform over time. This explains why decaying exponential waveforms became more efficient as PW increased and why the decaying exponential with the smallest time constant was less efficient at shorter PWs.
B. Energy-Efficient Wireless Systems With SCDS
Efficient wireless stimulation requires not only a system that uses less energy to deliver charge to the neural tissue but also stimulus waveforms that can activate target neural elements using less energy. The wireless SCDS system-on-a-chip offers high efficiency and has the potential to reduce the size of the IPG by using banks of small surface-mount (SMD) storage capacitors to store and deliver charge. Furthermore, if implemented in a high voltage CMOS process for stimulation applications that need higher energy or peak amplitude in stimulus waveforms, the efficiency of the SCDS system can be further increased when capacitors are charged to higher voltages, as a result of higher capacitor charging efficiency [45] . This is primarily because the losses and dropout voltages become a smaller percentage of the overall operating voltage or stimulus amplitude. This will result in more power delivered to the tissue (a desired outcome) and thus higher efficiency of the SCDS system.
In addition, assuming that the practical range of the time constants for decaying exponential stimuli are between 500 μs and 1000 μs, the SCDS system requires only 10-20% higher peak voltages than rectangular stimuli of equal duration (see Fig. 5 and Fig. 7) , which results in tolerable changes in the wireless power link. The current SCDS prototype uses the unlicensed 2 MHz band to achieve high efficiency in a large feature-sized standard CMOS process (0.35-μm). The wireless IPG that uses this SCDS prototype can be powered from a behind-the-ear transmitter, similar to cochlear implants, through a closely-coupled transcutaneous wireless link [2] . In the case of incorporating a rechargeable battery to maintain system powering during occasional loss of wireless power, a battery charging circuit can be added to the existing rectifier and regulator of the SCDS system (the power control block in Fig. 1 ) similar to conventional stimulation systems. The effect of a small battery charging current on the overall stimulation efficiency would be negligible.
The SCDS system currently generates decaying exponential stimuli, but other more energy-efficient stimulus waveforms, similar to truncated sinusoids or Gaussian waveforms [ [47] , are possible using several pairs of storage capacitors. For more flexible stimulus waveforms, the charge storage capacitors of the SCDS system can be programmed to various voltages and sequentially connected to the output, generating, for example, a pseudo-rectangular or ramp stimulus [48] . However, the number of off-chip storage capacitors may limit the waveform resolution and affect the implant size. Considering the size of the smallest commercial 1-4.7 μF SMD capacitor (1 × 0.5 × 0.3 mm 3 )
[49] in comparison to the size of the current prototype SCDS chip (5 × 2.4 × 0.3 mm 3 ), it is feasible to use 4-8 pairs of capacitors located on the opposite side of the PCB, against the SCDS chip, thereby minimizing the increase in footprint due to off-chip capacitor banks. In this SCDS prototype, storage capacitors of 1 μF, 1 μF, 3.3 μF, and 4.7 μF were chosen so that 4 pairs of capacitors (with a total capacitance of 10 μF) could be fully charged to ±1.5 V within 2.5 ms to operate at a stimulation rate of at 244 Hz and transfer charge up to 3.7 μC to the load (i.e., tissue) during the 272 μs cathodic phase [50] . The storage capacitors in the SCDS system did not require values above a few μF since each capacitor stored only the amount of charge needed for a single stimulus (e.g., < a few μC). The current SCDS prototype can be shrunk further by removing test components on the PCB and integrating the receiver coil, L 2 , into the PCB [51] .
We used ceramic capacitors in the proof-of-concept prototype for acute in vivo testing and characterization. However, the capacitance of ceramic capacitors may change (up to 20%) depending on the applied DC voltages. Therefore, tantalum capacitors [52] , which are much more stable over the DC voltages and resistant to aging may be a more appropriate choice for a medical grade SCDS. Tantalum is also more stable against temperature variations than ceramic capacitors, even though the IPG temperature changes are expected to be small, particularly after implantation.
C. Advantages of an SCDS System
The IPG with the SCDS system aims for two primary goals: 1) Size reduction: Wireless powering enables smaller IPGs by removing implanted batteries. Although the SCDS system used off-chip capacitor banks, they are smaller (< mm 3 /each) than primary or rechargeable batteries (> several cm 3 ) and can be located on the opposite side of the SCDS chip, minimizing the increase in footprint. 2) Power efficiency: The amount of power consumed in the IPG is typically limited due to the risk of tissue damage from temperature rise. For example, the power density of the chip needs to be well below 800 μW/mm 2 (i.e., 9.6 mW in our 5 × 2.4 mm 2 SCDS chip) to prevent tissue damage [53] , [54] . However, IPGs, such as Medtronic's neurostimulators in [14] , provide maximum instantaneous and average power of up to 8 mW and 1.8 mW per channel, respectively, when injecting 2 V biphasic stimuli to 500 Ω electrodes for 450 μs at 250 Hz. The limited input power should be efficiently transferred to electrodes by dissipating minimum power in the IPG. The SCDS system can generate sufficient stimuli by receiving less wireless power. It also increases the lifetime of the battery in the external power transmitter. Standard wireless stimulation systems are often designed based on either VCS or current-controlled stimulation (CCS). A shortcoming of VCS is its inability to control the injected charge, which poses an issue because the load in electrical stimulation therapies has a broad range and may vary over time [44] , [55] . CCS, on the other hand, offers precise charge control regardless of the load, but at the expense of inherent inefficiency. In CCS, additional power losses occur across the current source/sink transistors in stimulators, particularly when the stimulation voltage level or electrical load is low [46] , [56] . A wireless CCS system also requires a rectifier and regulator in the power management block to generate a system supply voltage that should remain stable, despite coupling variations (see Fig.  1(a) ). Moreover, CCS typically requires a higher supply voltage to accommodate the wide range of stimulation voltages (i.e., 1-10 V) that are used in clinical stimulators. At higher stimulation compliance voltages, a charge-pump regulator or boost DC-DC converter can be used to generate higher supply voltages, at the cost of additional power losses and space requirement of on-chip real estate, increasing the fabrication cost. Therefore, although CCS addresses the aforementioned limitation of VCS, this comes at the expense of a substantial reduction in power efficiency compared to a VCS system [18] .
The SCDS system controls the amount of charge injected into the tissue instead of controlling the amount of current. The SCDS system first stores the energy that is wirelessly delivered across the skin from the external battery to a capacitor bank, and second, it transfers the stored charge to the neural tissue. As the storage capacitors discharge, the voltage decays over time, so the injected charge is simply the product of the storage capacitance and the difference in voltage before and after stimulation. Direct control of the charged and discharged voltage levels not only improves power efficiency, by creating a buffer between the inductive link and the highly variable load without using any rectifiers or regulators [45] , but also ensures highly efficient and charge-balanced stimulation, regardless of the load variations. Therefore, the SCDS system has benefits of both VCS and CCS systems. Table II benchmarks the wireless SCDS system against conventional and state-of-the-art VCS/CCS systems in the literature.
D. Study Limitations
The computational model constructed in this study used a high-resolution T1 MR image of the cat head to model, as closely as possible, the in vivo experiments. The image-based model accurately represented the dimensions of the head and brain and accounted for changes in electrical conductivity between these three regions. However, additional electrical complexities that were not modeled could affect the model predictions. For example, we ignored heterogeneity and anisotropy present within the brain tissue, which has a marked effect on predictions of stimulation thresholds [36] . Although the piecewise homogeneous model may misestimate the stimulation thresholds compared to a model that incorporates anisotropy and heterogeneity, we predict that the relative trends we observed will be similar in a more complex model. That is, the errors in absolute threshold are expected to be approximately the same for both rectangular and decaying exponential waveforms.
Further, we used anatomical information from the MR image to estimate the trajectory of descending corticospinal and corticobulbar axons, which were the target neural elements during the in vivo experiments. A more accurate estimate of the trajectories of the modeled axons could be obtained by conducting deterministic or probabilistic tractography, but given the lack of availability of diffusion MR images of the cat brain, as well as the toolboxes for processing these types of images, tractography was not conducted in this study. Finally, the study included a limited number of experiments. The model predicted that an SCDS system (decaying rectangular waveforms with τ ࣙ 500 μs) would require as much as 4% less energy than a VCS system (rectangular waveforms) to stimulate passing axons. Four in vivo experiments were enough to confirm that the average stimulation threshold energy difference between the SCDS and VCS systems was small (< 2%). However, using the standard deviation of the difference in E I RE ,50 across the four experiments, we estimated that 200 experiments would be required to show that this effect was statistically significant (α = 0.05). Rather than committing a large amount of resources to discern such a small effect in an acute setting, we recommend that the SCDS system be tested in chronic experiments, thereby giving a more direct indication of its prospective performance as a chronic stimulator.
V. CONCLUSION
Efficient wirelessly-powered stimulation requires not only a system that uses less input energy to transfer energy across the skin and deliver charge to the neural tissue but also stimulus waveforms that are equally or more energy efficient at stimulating neural elements than conventional rectangular waveforms. The wireless SCDS system is capable of both transferring energy to charge an array of small SMD capacitors efficiently and delivering charge stored in those capacitors to the neural tissue in a manner that consumes less power than a conventional VCS system. We successfully tested the feasibility of using an SCDS system to activate neural elements in the brain using less energy than a conventional stimulator. An IPG with the efficient wireless SCDS system will enable size reduction of an implant, less wireless energy transmission through the skin (and thereby less heat dissipation), and longer battery life of the external power transmitter, such as behind-the-ear devices.
APPENDIX
The time constants for the waveform generated by the SCDS system (shown in Fig. 1(b) ) were approximated using a fourelement circuit, where C S is the storage capacitance, C dl is the double-layer capacitance, R f is Faradaic resistance, and R a is the access/tissue resistance. The second-order ordinary differential equation (ODE) that describes the temporal dynamics of voltage drop (V S ) across the load is given by the following equation: We defined the effective rate of decay as the minimum of τ 1 and τ 2 . Storage capacitances of 2 μF and 10 μF were considered in this work, and ranges for the other circuit elements are 0.4 μF < C dl < 2.4 μF, 21 kΩ < R f < 8.2 MΩ, 0.4 kΩ < R a < 2 kΩ [30] . Given these ranges, the rate of decay can be as small as 134 μs and as large as 3.86 ms. However, with the SCDS system, we only observed rates of decay of between 400 μs and 1000 μs in the in vivo experiments, so we considered a smaller range of values in our modeling analysis.
